Blood loss is one of the greatest causes of mortality as more than 85% of deaths from potentially survivable wounds are due to exsanguinating hemorrhage during military combat^[@ref1]^ with significance in civilian trauma as well.^[@ref2]^ The development of explosive weaponry over the last ∼150 years has seen a transition from ballistics (*e.g.*, gunshots) to explosives (*e.g.*, improvised explosive devices, mortars, rocket-propelled grenades and landmines) as the predominant mechanism of injury^[@ref3]^ with the latter increasing the odds of large traumatic wounds in multiple areas. Traumatic wounds can frequently lead to coagulopathy, where clotting is impaired due to systemically reduced blood flow resulting in anticoagulation and enhanced degradation of fibrin, a main constituent of clots.^[@ref4]^ This was found to occur in a quarter of civilian trauma patients^[@ref5]^ and more than a third of military casualties,^[@ref6]^ with their likelihood correlated with the severity of injury.^[@ref5],[@ref6]^ As a consequence, coagulopathy resulted in a 4-fold greater civilian mortality^[@ref5]^ and 6-fold greater military mortality.^[@ref6]^ With the increasing prevalence of large traumatic injury, it is critical to develop a hemostatic dressing capable of facilitating blood clotting through a mechanism independent of the body's own coagulation system so that hemostasis may be achieved despite coagulopathy.^[@ref7]^

Although several topical hemostats have been developed in the recent past,^[@ref8]^ few portable and rapidly deployable hemostatic systems can meet the demands of use in military and emergency care situations, especially in developing nations. The instability, cost, preparation time, and/or bulk of typical hemostats limits their portability and use in challenging situations, such as disasters and combat. For such uncontrolled conditions, it is desirable to have a dry hemostat material that is active despite long-term storage at extreme temperatures (*i.e.*, between −10 and 55 °C), is simple to apply, inexpensive, easy to manufacture on an industrial scale, biodegradable, and has no undesirable side effects (*e.g.*, burns or thrombosis).^[@ref9],[@ref10]^ Although some hemostatic dressings such as those based on chitosan (Celox and Hemcon bandages), smectite (WoundStat), and kaolin (Combat Gauze) have shown improvement in establishing hemostasis, they remain deficient in a number of desired criteria^[@ref11]^ and multiple revisions have not resulted in significant improvement suggesting that the potential of these technologies may have already been maximized.^[@ref12],[@ref13]^

An alternative approach to establishing hemostasis is through the use of hydrogels composed of biodegradable self-assembling peptides. In solution, these peptides form nanofibers that can rapidly coagulate blood,^[@ref14]^ but their hydration state precludes their deployment in the field. As the vast majority of mass is composed of water, this introduces undue bulk as well as exposes the peptides to degradation if subjected to elevated temperature.^[@ref15]^ Alternatively, films of these nanofibers deposited on to absorbent bandage materials would provide a lightweight, uncomplicated, and immediately functional means of applying the peptide in a concentrated dry form. This would help overcome some challenges presented by severely bleeding wounds that can dilute materials before reaching the site of injury, or extreme environmental conditions (*e.g.*, wind and precipitation) that can make application of powders or solutions challenging.

Herein, we aimed to create an advanced hemostatic dressing based on a clotting strategy that is independent of the body's coagulation mechanisms and can coat common bandaging materials. We first clarify the uncertainty surrounding the mechanism behind how self-assembling peptides, namely RADA16-I, rapidly coagulate blood by showing the three-dimensional nanofiber morphology when in contact with whole blood in the hydrated state. Second, we transform the self-assembling hydrogel into a dry film formulation using a Layer-by-Layer (LbL) assembly technique that allows for mechanically stable conformal coatings through nondenaturing electrostatic interactions. These films are composed of RADA16-I and biodegradable polysaccharides, which were coated onto the relevant bandaging materials of gauze and absorbent gelatin sponges. We find that when incorporated into LbL films, RADA16-I retains its nanofiber morphology and remains capable of forming nanofiber-based clots. We also find that these nanofibers eluted from films coating gauze remain active after exposure to extreme temperatures (−80 to 60 °C) and as long as five months at the extreme temperature of 60 °C. Furthermore, they are shown to accelerate hemostasis in a porcine skin wound model.

Results and Discussion {#sec2}
======================

Nanofiber Clotting Mechanism {#sec2.1}
----------------------------

The ability for self-assembling peptides to rapidly coagulate blood has been hypothesized to occur through nanofiber entanglements that entrap blood components.^[@ref16]^ We chose to examine this effect using RADA16-I, which is one of the more well-studied self-assembling peptides^[@ref17]−[@ref19]^ and has previously been examined as a hydrogel hemostat.^[@ref20],[@ref21]^ To elucidate this effect and its possible implications on RADA16-I for thin film assembly and biomedical application, we studied the morphological characteristics of the solution-phase nanofibers by scanning electron microscopy (SEM). For SEM examination of the hydrated structures, the materials in solution were chemically fixed using glutaraldehyde, then serially dehydrated in ethanol, and critically point dried with CO~2~ after which they were sputter-coated with ∼8 nm of Au/Pd. We found that RADA16-I in PBS, pH 7.4 ([Figure [1](#fig1){ref-type="fig"}](#fig1){ref-type="fig"}A) forms a dense network of highly entangled nanofibers that is morphologically consistent with previous observations by SEM^[@ref22],[@ref23]^ and atomic force microscopy.^[@ref17]^ Examination at higher magnification reveals the individual nanofibers to be highly interpenetrated with nanoscale pores ([Figure [1](#fig1){ref-type="fig"}](#fig1){ref-type="fig"}A, *inset*) that are consistent with its macroscopic formation of a hydrogel.^[@ref17]^ Separate characterization of EDTA anticoagulated whole blood reveals the presence of red blood cells (RBCs) and platelets with the absence of fibrin clot formation ([Figure [1](#fig1){ref-type="fig"}](#fig1){ref-type="fig"}B). To examine the mechanisms of hemostasis of RADA16-I in a wound, we recapitulated this scenario *ex vivo* by combining RADA16-I with anticoagulated whole blood, and found that the interwoven nanofibers visibly entrapped blood components ([Figure [1](#fig1){ref-type="fig"}](#fig1){ref-type="fig"}C). Interestingly, this nanofiber-based clot appears to have morphological similarities with a fibrin clot, in which the blood components are physically trapped by polymerized fibrin stalks during the natural coagulation process ([Figure [1](#fig1){ref-type="fig"}](#fig1){ref-type="fig"}D). Although this effect has been the proposed mechanism of hemostasis with histology^[@ref24]^ and AFM^[@ref20]^ providing circumstantial evidence, these SEM images directly demonstrate the physical entanglement of blood components with RADA16-I to form a nanofiber-based clot. Because the formation of these nanofiber clots occurs under anticoagulating conditions, RADA16-I may provide significant hemostatic activity even under coagulopathic conditions.

![Scanning electron microscopy (SEM) visualization of the morphology of the interaction between whole blood and RADA16-I. When alone in solution, RADA16-I spontaneously self-assembles into interpenetrating nanofibers (A), while anticoagulated whole blood shows the presence of red blood cells and platelets without fibrin formation (B). Mixture of RADA16-I with anticoagulated whole blood reveals the physical entrapment of blood components in a network of peptide nanofibers (C), which appears similar to naturally coagulating fibrin-based clots (D). Scale bars represent 5 μm (A--D) and 100 nm (A, *inset*).](nn-2015-02374c_0001){#fig1}

Numerous topical approaches can facilitate hemostasis by activating or enhancing the body's natural coagulation mechanisms to accelerate fibrin clot formation. Hemostatic dressings based on biomacromolecules and proteins like chitosan and fibrinogen or inorganic nanomaterials like kaolin and smectite are capable of facilitating fibrin clot formation, but each suffers from some drawbacks including limited effectiveness, difficulty to apply formulations (*e.g.*, viscous gel or powder), exothermic reactions on contact with blood, and nonbiodegradability that requires debridement after use,^[@ref9]^ while hemostasis generated by nanofiber clots based on the RADA16-I self-assembling peptide has also been shown to be rapid,^[@ref21]^ and its biodegradability, biocompatibility, low cost, and thermal stability make it an interesting alternative strategy. It is critical for these nanofibers to directly reach the site of injury, which we aim to achieve by coating them onto common bandaging materials in a concentrated dry film-based formulation.

Multilayer Film Assembly {#sec2.2}
------------------------

We developed a thin-film coating using an all-aqueous layer-by-layer (LbL) assembly approach that has shown the versatility to coat a variety of materials with tunable loading and release properties. In developing a bilayer (RADA16-I/polyanion)~*n*~ film architecture, we examined biocompatible and naturally derived polyanions like hyaluronic acid (HA, 2 MDa and 500 kDa), chondroitin sulfate (CS), and dextran sulfate (DS), as shown in [Figure [2](#fig2){ref-type="fig"}](#fig2){ref-type="fig"}. These films were assembled by dip-LbL under acidic conditions (pH ∼ 2) to facilitate ionic and hydrogen bonding interactions between the polysaccharides and RADA16-I ([Figure [2](#fig2){ref-type="fig"}](#fig2){ref-type="fig"}). At this pH,^[@ref15]^ the latter's aspartic acid and arginine side chains are neutral and cationic, respectively. In LbL film assembly, tuning extrinsic conditions such as pH or ionic strength can induce two components to form multilayer films when they attain complementary functionality (*i.e.*, cationic/anionic or H-bond donor/H-bond acceptor).^[@ref25]^ After deposition and dehydration, the film's subsequent exposure to physiological conditions (PBS, pH 7.4) markedly changes the nature of the pH-sensitive intermolecular interactions and the increased negative charge density due to deprotonation of the acid groups initiates film disassembly and nanofiber release.

![Chemical structures of components used in LbL film assembly. The 16-amino acid self-assembling peptide, RADA16-I, consists of a Arg-Ala-Asp-Ala motif repeated four times (A). Hyaluronic acid (B), chondroitin sulfate (C), and dextran sulfate (D) are biopolymers with negative charge at physiological pH and are used as components in film construction.](nn-2015-02374c_0002){#fig2}

We screened through these polyanionic film components using the dip-LbL technique and compared their resultant properties. Out of the four polyanions examined, DS and HA (2 MDa) yielded films with the best RADA16-I loadings and comparable thicknesses ([Figure S1](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf)), which can result from a number of factors including charge density,^[@ref26],[@ref27]^ secondary interactions,^[@ref27]−[@ref29]^ and molecular weight.^[@ref30]^ We had examined the effect a periodic drying step (*i.e.*, standing to allow for evaporation or intermittent drying with compressed air) had on films containing RADA16-I and found that this increased the resultant film thicknesses ([Figure S2](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf)). Therefore, we included a drying step in the film assembly of all films, as described in the [Materials and Methods](#sec4){ref-type="other"}. The introduction of drying does not negatively affect LbL film growth,^[@ref31]^ and can sometimes promote multilayer assembly when it may otherwise be difficult^[@ref32],[@ref33]^ by increasing the amount of material deposited per layer through film reorganization of more hydrophobic components near the surface.^[@ref34],[@ref35]^ We found that drying, in conjunction with incubation steps of 30 min, significantly improved the film assembly. By linear regression of the growth curves for DS and HA based films, we found that 16.9 and 10.9 nm were deposited per bilayer, respectively ([Figure [3](#fig3){ref-type="fig"}](#fig3){ref-type="fig"}A), consistent with an approximate monolayer of the nanofibers, which have diameters of ∼5--10 nm.

![Film growth of LbL assembled films. Film growth of (RADA16-I/hyaluronic acid) (*n* = 6) and (RADA16-I/dextran sulfate) (*n* = 6) films assembled by dip LbL show a proportional growth of total film thickness with increasing numbers of bilayers deposited (A). This film growth concomitant with number of bilayers deposited was similarly observed with films assembled by spray LbL (B).](nn-2015-02374c_0003){#fig3}

In addition to using dip-LbL, we examined spray-LbL assembly in which the substrate was coated by exposure to a preprogrammed sequence of aerosolized solutions rather than being immersed in these solutions. This technique is more amenable for coating porous and absorbent materials and film assembly is finished in a fraction of the time that would typically be required for dip LbL.^[@ref36],[@ref37]^ Examinations of these same architectures constructed by spray-LbL onto solid materials (glass slides) yielded much thinner films with 1.09 and 0.56 nm per bilayer for the DS and HA-based films, respectively ([Figure [3](#fig3){ref-type="fig"}](#fig3){ref-type="fig"}B). This submonolayer deposition of nanofibers and polyelectrolyte per bilayer is likely due to a combination of the 10-fold lower concentrations of RADA16-I and polyanion used during assembly and the significantly shorter deposition times associated with spray-LbL assembly, which exploits kinetic trapping for adsorption^[@ref37]^ rather than approaching equilibrium as is the case for dip-LbL assembly. By aerosolizing these materials in a predefined sequence, films can be rapidly assembled within hours onto a variety of possible substrates with uniquely tunable properties^[@ref36]^ and invites its potential scalable fabrication for continuous high throughput manufacturing.^[@ref38]^ In both cases of dip- and spray-LbL, we found linear growth behavior, which is typically indicative of minimal interdiffusion occurring during film assembly. With the growth characteristics being quite similar, we continued our examination of spray-LbL films because of its greater translational potential. Furthermore, we chose to examine 200-bilayer films because the RADA16-I loading was sufficient for additional characterization and these films could be constructed in a reasonable amount of time (∼3 h).

The tunable nature of LbL film assembly enables the possibility of adjusting certain factors to optimize desirable characteristics. For example, increasing the RADA16-I loading per area is likely to positively influence hemostasis, as higher peptide concentrations to an extent have shown shorter times to hemostasis when applied as a gel.^[@ref14]^ This may be achieved with thicker films, which can be assembled with more concentrated solutions, prolonged deposition times, and increased number of layers. Increasing the loading density (*i.e.*, mass fraction of RADA16-I in the film) is also an option and may be improved with a judicious choice of polyanion or aqueous conditions (*e.g.*, ionic strength or pH of solution). Other options, such as use of dip-LbL, can result in different film thicknesses and RADA16-I mass fractions, but becomes more challenging due to longer film assembly times or the use of porous/absorbent materials.

Film Characteristics {#sec2.3}
--------------------

The spray LbL assembled films showed interesting surface morphologies, which differed between DS and HA polyanions. We examined three substrates, a glass slide ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}A), cotton gauze ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}D), and a gelatin sponge ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}G). On flat surfaces, (RADA16-I/DS)~200~ films have a rough appearance ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}B) with the distinct outlines of randomly overlapping nanofibers that are more clearly distinguishable at higher magnification ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}B, inset). For (RADA16-I/HA)~200~ similarly deposited onto glass ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}C), the films have a much smoother texture with higher magnification also showing the outlines of nanofibers, though less obvious ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}C, inset). The less apparent nanofiber structures may be a characteristic of a denser and/or thicker adsorbed HA layer that fills the voids between layered nanofibers; a lower charge density yielding loopier and denser chain conformations due to decreased charge repulsion between chain segments may generate more filled-in monolayers. When depositing these films onto cotton gauze, ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}E,F) and onto gelatin sponges in bridged ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}H,I) and conformal ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}J,K) coatings, the film morphologies were clearly transferred as evidenced by the distinctly different surface textures as compared to plain (uncoated) substrates ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}A,D,G and [Figure S3](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf)). We discovered that during assembly of these films onto the gelatin sponges, the air-drying we used after each layer caused films to bridge across the pores. We believe this may be occurring when aerosolized droplets initially absorb onto the surface of the gelatin sponges, briefly spanning the pores on the surface. When applying a gentle air drying, it causes the solution to rapidly evaporate, leaving some of the nanofibers bridged across the pores before they have the opportunity to directly interact completely with the surface of the gelatin. This forms a thin film across the pores, onto which subsequent layers are deposited to create this bridged coating ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}H,I). We found that by omitting the air-drying step (*i.e.*, instead, allowing the film to stand for the same duration), the resultant films conformally coated the intricate geometry of the gelatin sponges ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}J,K). In this case, the aerosolized solutions were able to deposit onto the surface and absorb into the bacterial, transporting the film components directly to the surface of the sponge. We have observed a similar tunability in electrospun mats where vacuum applied to the back of these nonabsorbent, porous material could create a conformal coating by pulling the deposited solutions through the substrate, whereas the absence of vacuum resulted in films only forming on the surface.^[@ref36]^

![Surface morphology of films deposited by spray-LbL onto substrates of glass, cotton gauze, and gelatin sponge. SEM was used to capture the surface morphologies of the uncoated glass (A, *inset*), cotton gauze (D, *inset*) and gelatin sponge (G, *inset*), as well as those substrates coated with (RADA16-I/DS)~200~ films (B, E, H, and J) and (RADA16-I/HA)~200~ films (C, F, I, and K). The films deposited onto glass show the characteristic outlines of nanofibers (B and C), which can be similarly observed to a lesser degree when deposited onto cotton gauze (E and F). Both films can also be deposited onto gelatin sponges in bridged (H and I) and conformal (J and K) coatings showing that a diversity of substrates, even highly absorbent biodegradable gelatin, can be coated with this approach. Scale bars represent 5 μm (B, C, E, F, H, I, J, K, and insets of D and G) and 500 nm (A--C, *insets*).](nn-2015-02374c_0004){#fig4}

Under the acidic pH conditions we used to facilitate film assembly, it has been shown that nanofibers readily assemble.^[@ref15]^ When aiming to generate rapid hemostasis on-contact, it is imperative that the film be immediately capable of forming a nanofiber-based clot, and examinations of the dry films ([Figure [4](#fig4){ref-type="fig"}](#fig4){ref-type="fig"}) suggest that the RADA16-I is indeed incorporated in fibrillar form. For additional insight into RADA16-I's supramolecular structure within the film, we studied the morphology of (RADA16-I/DS)~200~ films on gauze after partial hydration provided by exposure to a humidifier, which was followed by chemical cross-linking with glutaraldehyde, serial dehydration, and critical point drying to preserve the structure. SEM examination reveals that this film is fractured and swollen ([Figure [5](#fig5){ref-type="fig"}](#fig5){ref-type="fig"}A), which can be expected as RADA16-I typically forms a hydrogel in solution. Higher magnification of the interior of the film shows that it is composed of highly entangled and interwoven nanofibers that are clearly discernible ([Figure [5](#fig5){ref-type="fig"}](#fig5){ref-type="fig"}B) indicating that RADA16-I is indeed incorporated into the film as nanofibers. Because the supramolecular structure is a critical component to generating hemostasis, its film incorporation as already-assembled nanofibers potentially improves the film's response time.

![Visualization of partially hydrated (RADA16-I/DS)~200~ films deposited onto cotton gauze by spray LbL. After film assembly, they are dried for storage and ready for application. Their exposure to humidified air allows for the visualization of the film's morphology during partial hydration (A). Closer examination of the film at higher resolution shows the presence of intact nanofibers within the film, indicating they are readily available in these LbL assembled films (B). Scale bars represent 10 μm (A) and 1 μm (B).](nn-2015-02374c_0005){#fig5}

To confirm that LbL assembly with a polyanion could generate superior coatings over other basic deposition approaches, we also examined the surface morphologies of gauze coated by a spray-LbL architecture of (RADA16-I/nothing)~200~, where "nothing" was the aqueous solution without polyanion ([Figure S4A,B](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf)) and by immersion in a 0.1 mg/mL solution of RADA16-I (the same concentration used for spray-LbL) ([Figure S4C,D](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf)). Examination of their surfaces revealed little deposition of RADA16-I with some small regions coated, but large swaths of areas bare. Quantification of RADA16-I showed relatively low loadings of 5.0 ± 1.3 and 4.0 ± 1.0 μg/cm^2^ for these two films, respectively.

Nanofiber Release and Functionality {#sec2.4}
-----------------------------------

For insight into how these films based on the hemostatic self-assembling peptide would respond to full hydration, we studied the RADA16-I release behavior into the physiological conditions of PBS, pH 7.4 at 37 °C and quantified their overall loadings in spray-LbL films deposited onto glass, gauze, and gelatin sponges. For (RADA16-I/DS)~200~ films ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}A) and (RADA16-I/HA)~200~ films ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}B) on glass and gauze, the peptides release rapidly within the first half-day with substantial amounts of peptide loaded into the film ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}C); similar release profiles were observed with dip-LbL films ([Figure S1B](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf)). Comparatively, when these films are deposited onto gelatin sponges, both DS-based films ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}D) and HA-based films ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}E) show a more sustained release with substantial RADA16-I loadings ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}F). We suspected there may be stronger intrinsic interaction between the films and the gelatin substrate through additional intermolecular interactions (*e.g.*, hydrogen bonding) and when compounded with the absorptive nature of the biodegradable foam, may allow for greater entanglement and more intrinsic association between the film and the substrate. By assembling these films under acidic conditions (pH ∼ 2), the pH-sensitive hydrogen-bonding and electrostatic interactions that were established during assembly are disrupted in a PBS, pH 7.4 solution and hence the charge imbalance facilitates film disassembly. Ideally, the release would be immediate, but our observation suggests some additional factors are able to slow RADA16-I release, which may be due to the high degree of entanglement of the nanofibers when dried in a film, as well as some remaining weak intermolecular interactions. As we found with other hydrogen-bonded films, immersion in blood facilitated film disassembly when PBS did not, which is likely due to proteins displacing the intermolecular interactions of the film.^[@ref39]^ With our own films of (RADA16-I/DS)~200~ ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}D) and (RADA16-I/HA)~200~ ([Figure [6](#fig6){ref-type="fig"}](#fig6){ref-type="fig"}E) deposited onto gelatin sponges, we similarly found significantly accelerated release when fetal bovine serum (FBS) was used as opposed to PBS.

![Loading and release characteristics of RADA16-I from spray-LbL assembled films. Incubation in PBS, pH 7.4 at 37 °C reveals that RADA16-I is eluted into solution from films of (RADA16-I/dextran sulfate)~200~ (A and D) and (RADA16-I/hyaluronic acid)~200~ (B and E) deposited onto glass and gauze (A and B) and gelatin sponges (D and E). When films are eluted into more complex medium, fetal bovine serum, RADA16-I is released more rapidly into solution due to greater disruption of the film. Coating a higher surface area substrate such as gauze as compared to a flat glass shows higher loadings of RADA16-I (C), while bridged and conformal coatings of gelatin sponges were less dissimilar (F) (*n* = 4).](nn-2015-02374c_0006){#fig6}

Although the release of peptide into solution is likely beneficial to hemostasis, its response when in direct physical contact with blood at the site of injury is the most critical determinant to its success. For example, a nanofiber clot not only generates a mechanical plug to stop additional bleeding, but also aggregates and concentrates blood components (*e.g.*, platelets and RBCs) to further enhance the coagulative response.^[@ref40],[@ref41]^ Therefore, to gain greater insight into how these nanofiber-based films would respond to a wound, we studied the morphology of gauze coated with (RADA16-I/DS)~200~ films ([Figure [7](#fig7){ref-type="fig"}](#fig7){ref-type="fig"}A--D) and (RADA16-I/HA)~200~ films ([Figure [7](#fig7){ref-type="fig"}](#fig7){ref-type="fig"}E--H), upon contact with anticoagulated whole human blood. These films showed that nanofiber clotting was capable of occurring both on the gauze fibers ([Figure [7](#fig7){ref-type="fig"}](#fig7){ref-type="fig"}A,B,E,F) as well as in the films detached from the gauze ([Figure [7](#fig7){ref-type="fig"}](#fig7){ref-type="fig"}C,D,G,H), and in each of these cases, the morphological appearances resemble what we observed for a simple mixture of RADA16-I with anticoagulated whole blood ([Figure [1](#fig1){ref-type="fig"}](#fig1){ref-type="fig"}C). These studies show that RADA16-I remains capable of forming a nanofiber-clot in blood with the nanofibers forming an entangled and interpenetrated network that can entrap and aggregate blood components on contact.

![Surface characterization of anticoagulated whole blood upon contact with spray LbL assembled films. SEM characterization of (RADA16-I/DS)~200~ films (A--D) and (RADA16/HA)~200~ films (E--H) in contact with anticoagulated whole blood shows that the blood components interact with the films both on the gauze fibers (A, B, E, and F) and detached (C, D, G, and H). Scale bars represent 10 μm (A, C, E, and G) and 5 μm (B, D, F, and H).](nn-2015-02374c_0007){#fig7}

In addition to the microscopic morphological examination of these films with blood, we utilized an *in vitro* test for nanofiber formation of film components released into PBS by adopting a suspension assay that had previously been correlated to *in vivo* hemostatic activity.^[@ref16]^ We mixed PBS solutions with rabbit RBCs in a 96-well microtiter plate with V-shaped wells and allowed the RBCs to settle. For solutions containing sufficient concentrations of nanofibers, their entanglement with the RBCs keeps them in suspension, and thus, a view from underneath shows red in the well's entirety ([Figure [8](#fig8){ref-type="fig"}](#fig8){ref-type="fig"}A). For insufficient concentrations, the RBCs settle to the bottom of the wells to form a small red area in the center when viewed from underneath ([Figure [8](#fig8){ref-type="fig"}](#fig8){ref-type="fig"}B). We used this approach to examine serial dilutions of RADA16-I alone, in equal concentration mixtures with DS or HA, and with DS or HA alone ([Figure [8](#fig8){ref-type="fig"}](#fig8){ref-type="fig"}C). These results show that we can indeed titrate the loading of nanofibers to entrap RBCs in solution, and that the polyanions did not have significant impact on this effect, nor could the polyanions entrap RBCs on their own. Examination of the activity of film-components released into solution from gauze and gelatin sponge substrates showed they retained the ability to maintain RBCs in suspension while uncoated substrates had no activity ([Figure [8](#fig8){ref-type="fig"}](#fig8){ref-type="fig"}D). This in effect supports our observations for blood interacting with films deposited onto gauze ([Figure [7](#fig7){ref-type="fig"}](#fig7){ref-type="fig"}) and, in a more rapid approach, indicates the nanofibers released into solution from films deposited onto gelatin sponges in bridged and conformal coatings are also capable of forming nanofiber-based clots with RBCs.

![*In vitro* determination of nanofiber formation of RADA16-I and its ability to form nanofiber clots with red blood cells (RBCs). The premise of this assay is represented schematically where the presence of nanofiber-forming RADA16-I can interact with RBCs to maintain their suspension in solution (A), whereas their absence or inability for nanofiber formation results in RBC settling to the bottom (B). Standard dilutions of various controls reveal there is a necessary concentration of RADA16-I for this effect, the polymers used during film assembly (*i.e.*, dextran sulfate and hyaluronic acid) are not inhibitory, and these polymers alone are not capable of forming these nanofiber clots (C). The RADA16-I eluted from these films remains capable of generating these nanofiber clots with RBCs (D).](nn-2015-02374c_0008){#fig8}

One distinct feature of using these nanofibers as hemostatic agents, in addition to being nontoxic and composed of biodegradable peptides, is their ability to continue to self-assemble despite exposure to harsh environmental conditions such as pH or temperature that would denature and inactivate other biologic hemostats. Exposure of nanofiber solutions to elevated temperatures as high as 80 °C was found to disrupt the ionic and hydrogen bonding present in the supramolecular aggregates, but nanofibers were reformed after returning to room temperature.^[@ref18]^ To demonstrate the robustness of these films, we incubated (RADA16-I/DS)~200~ coated gauze at −80, −20, 37, and 60 °C for 1 week in desiccant and found that the nanofibers released into solution retained their activity when mixed with RBCs ([Figure [9](#fig9){ref-type="fig"}](#fig9){ref-type="fig"}A). Furthermore, films incubated at 60 °C for 2 and 5 months still released active nanofibers ([Figure [9](#fig9){ref-type="fig"}](#fig9){ref-type="fig"}A) and closer examination showed that the released peptide could still form the interwoven and entangled nanofibers ([Figure [9](#fig9){ref-type="fig"}](#fig9){ref-type="fig"}B,C). With the extremes of world temperatures, the stability of these films at elevated temperatures for extended periods bodes well for the possibility of its use in bandages without the need of the cold-chain that is commonly necessary for preserving the activity of biologics.

![Effect of extreme temperature conditions on the clotting activity of RADA16-I eluted from spray-LbL films. Films of (RADA16-I/DS)~200~ were deposited on gauze and incubated in desiccant at temperatures ranging from −80 to +60 °C for different time periods. Upon elution into solution, the nanofibers were found to retain their *in vitro* activity by clot formation with RBCs (A). The RADA16-I eluted from films incubated at 60 °C for 2 months (B) and 5 months (C) were found to retain their ability to form interwoven nanofibers. Scale bars represent 100 nm.](nn-2015-02374c_0009){#fig9}

Thus far, we have found substantial *in vitro* evidence of hemostatic activity. For the potential translation of this technology into clinical application, an understanding of its activity *in vivo* is imperative. Therefore, we applied these films to porcine skin puncture wounds to elucidate their ability to accelerate hemostasis. After an 8 mm diameter biopsy and three scalpel incisions to induce significant bleeding, we applied plain gauze or (RADA16-I/HA)~200~ coated gauze for 2 min and then removed it to determine its effect on hemostasis ([Figure [10](#fig10){ref-type="fig"}](#fig10){ref-type="fig"}A). If bleeding continued, a fresh piece of plain or coated gauze was applied for another 2 min with the process repeated for up to 8 min (*i.e.*, four applications). To assess the severity of bleeding, injuries were scored (blinded to the sample) on a scale of 0 through 4, constituting a range from no bleeding to severe bleeding ([Table S1](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf)). On the basis of this metric, we only included wounds scoring 2 or greater immediately after injury and found no difference between control and treatment groups (3.0 ± 0.4 and 2.9 ± 0.3, respectively). As a result of gauze application, we found a significant reduction in the time needed for hemostasis (*i.e.*, a bleeding score of 0) when using (RADA16-I/HA)~200~ coated gauze as opposed to plain gauze ([Figure [10](#fig10){ref-type="fig"}](#fig10){ref-type="fig"}B). The RADA16-I film generated hemostasis within the first 2 min incubation period in nearly all cases, suggesting that bleeding may have stopped in less than 2 min. In contrast, plain gauze required nearly 5 min (two to three applications) to stop bleeding ([Figure [10](#fig10){ref-type="fig"}](#fig10){ref-type="fig"}B).

![Application of plain gauze and (RADA16-I/HA)~200~ coated gauze in a porcine skin puncture injury. Representative images of gauze samples applied to bleeding injuries show that the RADA16-I based coating has increased efficacy in achieving hemostasis within an initial 2 min time period over plain gauze (A). Measuring the time to achieving hemostasis at 2 min application intervals showed that the (RADA16-I/HA)~200~ coating (*n* = 7) significantly accelerates hemostasis as compared to plain gauze (*n* = 6) (B). \**p* \< 0.05.](nn-2015-02374c_0010){#fig10}

Our construction and assembly of RADA16-I from dry thin films supported on gauze improves its portability and enables application directly to the wound but requires contact with blood for activation, which should be taken into account when comparing their effects on bleeding. Treatment with RADA16-I as an aqueous gel has been generally reported to accelerate coagulation; hemostasis was achieved in 6 s in a rat skin injury compared to 75 s for an untreated wound,^[@ref14]^ 10 s in a rat liver injury compared to 204 s when treated with saline,^[@ref14]^ and 10 s in a rat liver injury compared to 90 s with PBS.^[@ref42]^ By comparison, chitosan, a mucoadhesive polymer with hemostatic properties that also act independently to the host coagulation mechanisms, accelerated coagulation of blood *in vitro* from 5 to 2 min as a gel.^[@ref43]^ One report indicated chitosan gel was able to reduce bleeding times in rabbit tongue incision wounds from 368 to 209 s,^[@ref44]^ while another report using chitosan gel in a rat femoral vein injury found no improved hemostasis compared to saline.^[@ref45]^ Bandages based on chitosan have been reported to be effective *in vivo*.^[@ref11]^ For example, when applied to severe porcine liver injuries, five of eight animals reached hemostasis within 4 min compared to none of the seven animals that received plain gauze.^[@ref46]^ With the different animal models and metrics for hemostasis reported in the literature, it will be important in future studies to directly compare the performance of these RADA16-I based bandages to other advanced hemostatic materials in aggressive large animal models.

Conclusions {#sec3}
===========

Generating rapid hemostasis from a lightweight, flexible, and easily applied device or bandage is highly desirable for improving survival from wounding caused by armed conflict, crime, accidents, or disasters. Utilizing a hemostatic approach that is independent of the body's coagulation mechanism would be tremendously advantageous over traditional bandages that are ineffective in instances of coagulopathy. Self-assembling peptides, especially RADA16-I, have demonstrated to be highly effective in generating hemostasis *in vivo* when applied as a solution. Morphological examination of the interaction between these nanofibers and anticoagulated whole blood shows the formation of a nanofiber-based clot that entraps the blood components in a similar fashion to fibrin-based clots. By incorporation into LbL assembled (RADA16-I/DS)~*n*~ and (RADA16-I/HA)~*n*~ films, we were able to utilize common bandage and wound dressing materials and found nanofiber clots could be generated on contact with blood. These films were also thermally robust against denaturation from a range of temperatures and could release active nanofibers even after 5 months at 60 °C. Application of (RADA16-I/HA)~200~ coated gauze in porcine skin wounds showed that these films are able to accelerate hemostasis *in vivo* and demonstrates a promising approach to creating a cheap, biodegradable, biocompatible, and robust hemostatic bandage. By introducing such features that overcome the challenges of cost and shelf life commonly faced by other advanced hemostatic bandages, these RADA16-I based LbL films are an encouraging step forward for the development of an affordable consumer-level bandage.

Additional studies will be critical to elaborating on the translatability of these bandages. Herein, we demonstrate their potential, but a comprehensive kinetic study of clinical coagulation parameters (*e.g.*, prothrombin time and partial thromboplastin time) in conjunction with large animal models of aggressively bleeding wounds such as near-fatal coagulopathic porcine wound models would be important for determining their feasibility in such situations.

Materials and Methods {#sec4}
=====================

Unless otherwise noted, all materials were obtained from Sigma-Aldrich and used without further purification. Hyaluronic acid (HA, *M*~W~ = 2 MDa and 500 kDa) was obtained from Lifecore Biomedical, chondroitin sulfate sodium salt (CS, *M*~W~ = 85 kDa) from TCI International, and dextran sulfate sodium salt (DS, *M*~W~ = 500 kDa) from Calbiochem. Glutaraldehyde (Grade I 25%) and collegenase (Type I) were purchased from Sigma-Aldrich. Human whole blood (EDTA anticoagulated) was obtained from Hemacare, and washed and pooled 10% rabbit red blood cells (RBCs) were obtained from Lampire Biological Laboratories. Solutions of 1% (10 mg/mL) RADA16-I were a generous donation from 3DMatrix. Fluorescently labeled RADA16-I (RADA16-I^FAM^) was functionalized by 5-carboxyfluorescein at the N-terminus through a -Gly-Gly- linker and synthesized by the MIT Biopolymers Laboratory. Gelatin sponges were a generous donation from Ferrosan.

LbL Film Assembly {#sec4.1}
-----------------

Substrates of silicon wafers or glass microscope slides were precleaned with methanol, acetone, and water prior to plasma irradiation (Harrick PDC-32G) for at least 1 min and immersion in RADA16-I solution (1 mg/mL in 10 mM HCl for dip-LbL and 0.1 mg/mL in 10 mM HCl for spray-LbL) for at least 15 min before additional film assembly. Cotton gauze was prepared by ∼30 s of plasma irradiation and then immersed in 0.1 mg/mL in 10 mM HCl prior to spray-LbL assembly. Gelatin sponges were used as received without additional preparation. Films were allowed to stand dry for 60 min after every 10 bilayers.

Dip LbL films of (RADA16-I/polyanion)~*n*~ were assembled onto silicon (prepared as described above) by sequential immersion into 1 mg/mL RADA16-I in 10 mM HCl (30 min), rinsing in 10 mM HCl (10, 20, and 30 s), immersion into 1 mg/mL polyanion (30 min), and rinsing in 10 mM HCl (10, 20, and 30 s), which constituted one bilayer and was repeated for *n*-bilayers.

Spray LbL films of (RADA16-I/polyanion)~*n*~ were assembled onto glass, cotton gauze, and gelatin (prepared as described above). For the latter two, house vacuum was applied behind the substrates to facilitate more thorough film coatings. Solutions were aerosolized at 15 PSI at 0.25 mL/s flow rates using an automated film assembly instrument (Svaya). Bilayer films were constructed by spraying substrates in the following sequence: 0.1 mg/mL RADA16-I in 10 mM HCl (2 s), waiting period (5 s), wash with 10 mM HCl (3 s), air-drying (8 s), 0.1 mg/mL polyanion in 10 mM HCl (2 s), waiting period (5 s), wash with 10 mM HCl (3 s), and air-drying (8 s). This constituted one bilayer and was repeated for *n*-bilayers. For gelatin sponges, the use of air-drying generated a bridged film conformation, while its replacement with a waiting period generated conformal coatings.

Film Characterization {#sec4.2}
---------------------

Thicknesses of films deposited onto flat substrates (silicon or glass) were determined by measuring the step-height difference between the film and a razor-scored region (Dektak 150 Profilometer).

Release profiles of films deposited onto silicon, glass, and gauze were quantified by immersion in 500 μL of PBS, pH 7.4 at 37 °C and periodic replacement with fresh aliquots of PBS prewarmed to 37 °C. The collected aliquots were analyzed for their RADA16-I content using a bicinchoninic acid (BCA) assay (Thermo Scientific) according to the manufacturer's instructions with incubation of the reagent and sample for 30 min at 60 °C to enhance sensitivity. Under these conditions, we saw no background signal from the polyanions used in this study. This BCA assay was capable of distinguishing RADA16-I released from all substrates, except the gelatin sponges, which released protein that obscured measurement. For quantification of the RADA16-I released from these samples, films were assembled with a RADA16-I solution containing a 1:20 fraction of RADA16-I^FAM^, and peptide release was studied by incubating in 1 mL of PBS or FBS at 37 °C and periodically sampling 300 μL for analysis and replacing it with fresh prewarmed solution. The collected aliquots were measured for fluorescence (λ~ex~ = 480 nm; λ~em~ = 525 nm) and RADA16-I was quantified by comparison to a standard curve.

Total RADA16-I loadings on glass, silicon and gauze were determined by complete dissolution of the films in 225 μL of 0.1 M NaOH at 37 °C for ∼2 h, after which the solution was quenched with 225 μL of 0.1 M HCl and the addition of 50 μL of 10× PBS (for a final 1× concentration) to stabilize the pH. The RADA16-I content was measured by a BCA assay, similarly to as described earlier. Because the gelatin sponges introduced difficulties in completely eluting RADA16-I from the films, the substrate was digested using collagenase prior to fluorescence quantification. To the 1 mL of PBS or FBS containing film deposited onto gelatin sponges were added 100 μL of 10 mg/mL collagenase and 50 mM CaCl~2~ in PBS prior to incubation at 37 °C for ∼4 h followed by fluorescence quantification.

Nanofiber Activity *in Vitro* {#sec4.3}
-----------------------------

The ability for RADA16-I to form a nanofiber-based clot *in vitro* was determined using a similar assay previously described.^[@ref16]^ Solutions of 95 μL of PBS containing RADA16-I diluted from stocks or released from films were added to V-shaped 96-well microtiter plates followed by the addition of 10 μL of 10% rabbit RBCs. The wells were sealed with an optically clear adhesive film, agitated at ∼900 rpm for 15 min, and then incubated at 4 °C for at least 4 h prior to examination.

Clotting Characterization {#sec4.4}
-------------------------

Fibrin clots were generated by adding 25 μL of 0.2 M CaCl~2~ to 475 μL of anticoagulated whole blood and the mixture was gently rocked at room temperature for 30 min. To study the nanofiber interaction with blood, 1 μL of 1% RADA16-I was mixed with 9 μL of anticoagulated whole blood and the mixture was incubated at room temperature for ∼5 min. Anticoagulated whole blood was studied without additional treatment and RADA16-I was studied at 0.1% in PBS, pH 7.4. For examination of blood's interaction with (RADA16-I/polyanion)~200~ films, 5 μL of anticoagulated whole blood was deposited on top of film-coated gauze and the sample was incubated at room temperature for ∼5 min with exposure to a humidifier to prevent drying out. All samples were chemically fixed, dehydrated, and critically point dried as described below.

Scanning Electron Microscopy {#sec4.5}
----------------------------

Biological samples were prepared on a 0.03 μm poly(ether sulfone) membrane filter (Sterlitech) by fixation with 2.5% glutaraldehyde (diluted from 25%) in PBS for 4 h at room temperature, then serially dehydrated with 10 mL of H~2~O (twice), 25% ethanol, 50% ethanol, 75% ethanol, 80% ethanol, 90% ethanol, and 100% ethanol (twice). Samples in ethanol were then critically point dried using CO~2~ (Sorvall Critical Point Drying System). These dried biological samples and other samples already in dry form were sputter coated with ∼8 nm of Au/Pd prior to examination using a field-emission SEM (JEOL 6700F). Dry LbL films were studied in LEI mode (10 kV and 8 mm working distance), while biological samples were studied in SEI mode (5.0 kV and ∼6 mm working distance).

Porcine Skin Injury {#sec4.6}
-------------------

The porcine skin injury was conducted in the Beth Israel Deaconess Medical Center experimental electrophysiology laboratory and conformed to the Position of the American Heart Association on Research Animal Use as well as to the Declaration of Helsinki. The study was performed under an approved institutional animal care and use committee protocol. A male Yorkshire swine weighing 42 kg was preanesthetized with telazol (4.7 mg/kg IM), and then anesthetized with inhaled isoflurane during the procedure. The animal was intubated and ventilation was maintained between 10 and 14 breaths/min with tidal volumes between 300 and 500 mL. Hemodynamic assessment including core body temperature, heart rate, oxygen saturation, and blood pressure were continuously monitored. Therapeutic anticoagulation was maintained with intravenous heparin and was confirmed with serial activated clotting time testing between 250 and 350 s.

Wounds were generated by an 8 mm biopsy to the mid-dorsal region. After removal of biopsied tissue, three incisions 2 cm deep were made with a \#10 scalpel at 60° rotations. The wound was allowed to bleed for approximately 5 s, during which the severity of bleeding was scored from 0 (no bleeding) through 4 (severe bleeding), as described in [Table S1](http://pubs.acs.org/doi/suppl/10.1021/acsnano.5b02374/suppl_file/nn5b02374_si_001.pdf). Plain or (RADA16-I/HA)~200~ coated gauze samples of 5 cm × 2 cm were rolled up and then inserted into the wound. After 2 min, the sample was removed and the severity of bleeding was scored. For wounds that continued to bleed, fresh pieces of gauze were applied for 2 min before removal and assessment. This was repeated for a maximum of four applications. Wounding and application of samples were done blinded to the type of gauze (*i.e.*, plain or coated). Hemostasis was achieved when bleeding was given a score of 0. Statistical analysis was conducted with a one-tailed Wilcoxon rank sum test to ascertain the significance the (RADA16-I/HA)~200~ coating had on reducing time to hemostasis compared to the plain gauze.
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